The benefits and challenges of highly parallel array coils for head imaging were investigated through the development of a 3T receive-only phased-array head coil with 96 receive elements constructed on a close-fitting helmet-shaped former. We evaluated several designs for the coil elements and matching circuitry, with particular attention to sources of signal-to-noise ratio (SNR) loss, including various sources of coil loading and coupling between the array elements. The SNR and noise amplification (g-factor) in accelerated imaging were quantitatively evaluated in phantom and human imaging and compared to a 32-channel array built on an identical helmet-shaped former and to a larger commercial 12-channel head coil. The 96-channel coil provided substantial SNR gains in the distal cortex compared to the 12-and 32-channel coils. The central SNR for the 96-channel coil was similar to the 32-channel coil for optimum SNR combination and 20% lower for root-sum-of-squares combination. There was a significant reduction in the maximum g-factor for 96 channels compared to 32; for example, the 96-channel maximum g-factor was 65% of the 32-channel value for acceleration rate 4. The performance of the array is demonstrated in highly accelerated brain images. Magn Reson Med 62:754 -762, 2009.
The benefits of radio frequency (RF) receive-coil arrays of up to 32 channels have been demonstrated for the brain (1-7) and heart (8 -12) . Based on these successes, a limited number of studies have explored the potential advantages of even higher element numbers for a small bore scanner (13, 14) as well as for brain (15, 16) and cardiac imaging (17, 18) . As the number of receive-array channels increases, theoretical analysis predicts that it is possible to reduce the size of the individual elements and achieve increasing signal-to-noise ratio (SNR) gains near the elements without losing sensitivity further from the coils (1) , in addition to improved encoding acceleration performance (19, 20) . These theoretical studies have usually assumed perfect decoupling between the array coil elements and body noise dominant conditions. Wiesinger (19) and Wiesinger et al. (20) performed simulations of a spherical object surrounded by various numbers of coil elements, using semianalytical expressions for the fullwave RF electrodynamic field, incorporating copper losses in the coils, preamplification (preamp) noise contributions and the noise covariance between the coil elements. The simulations did not take into account radiation losses or inductive coupling between the coil elements. For a 20-cm sphere with dielectric properties corresponding to average brain values, these simulations suggest that at 3T the ultimate possible SNR is already closely approached at the center of the sample when it is surrounded by 32 or more coil elements. For regions closer to the surface, increasing numbers of smaller elements are required to approach the ultimate SNR and the benefit of adding elements is roughly linear in the number of elements. In contrast, if coil noise is dominant over body noise (a concern for small elements and/or low B 0 field), SNR eventually decreases with increasing numbers of elements.
These considerations have led us to pursue designs in which many small array elements are placed on a closefitting helmet to maximize the body load. Nevertheless, in a previous work where we constructed a 90-channel head array for 1.5T (15) , we appear to have encountered the limitation posed by coil noise dominance, as this array showed significantly lower central SNR compared to a 23-channel array constructed on an identical helmet former. Guided by this work and the theoretical simulations, we analyzed several design changes aimed at decreasing the losses in the unloaded array and reducing inductive coupling between the surface coil elements. In this work, we describe a 96-channel head array for 3T with the same element geometry as the 90-channel 1.5T coil but with a significantly improved unloaded to loaded Q ratio (body noise dominance). The array was evaluated in phantom and human measurements for SNR, g-factor, and noise covariance, and compared to a 32-channel head array built on an identical former, and also to a commercially-available 12-channel coil.
MATERIALS AND METHODS
The arrays were developed and tested on a 32-channel 3T clinical scanner (MAGNETOM Trio, A Tim System; Siemens Healthcare, Erlangen, Germany). The 3T scanner had 96 additional receive channels, making 128 channels available in total (21) . Only 96 of the available 128 channels were used for the 3T helmet array. All human subject studies were performed after review by the institution's Human Research Committee and informed consent was obtained from the subject.
Array Construction
The geometrical arrangement of the circular coil elements was an extension of the "soccer-ball" geometry described previously for a 32-channel helmet array (2) . A tiling pattern consisting of hexagons and pentagons is created. The centers of the tiles determine the centers of the circular coil elements, with larger-diameter coils at the positions corresponding to the hexagonal tiles, and smaller ones over the pentagonal tiles. For the 96-channel coil, the geometry of the C240 carbon "Buckyball" was used as the basis for the placement of the coil elements, using one half of the spherical molecule structure to cover the dome of the head and extending the lattice downward on a cylinder (Fig. 1, left) . Although the majority of coils are arranged in a hexagonal, honeycomb pattern, there are six centers of pentagonal symmetry in the lattice, which are essential to allow the array to wrap over the entire dome of the head in a continuous overlapped design that minimizes inductive coupling between neighboring coil elements. The coils were arranged on a close-fitting fiberglass helmet modeled after the European standard head norm EN960/1994 for protective headgear (22) (Fig. 1, right) . The dimensions of all coils discussed in this work are given in Table 1 . To determine the layout of the coil elements on the helmet, a paper mock-up was made, consisting of hexagonal and pentagonal tiles covering the helmet. Each paper tile had sides of 23 mm, and the entire shape incorporated 90 hexagons and six pentagons. The vertex of each tile was marked on the helmet and used to reproduce the tiling pattern on the surface of the helmet (Fig. 1, right) . This pattern was used to determine the position of the circular surface coils, with each element approximately circumscribing a hexagonal or pentagonal tile. Most areas of the helmet had coils that had a pitch, or offset between one element and the next one in the row, of 39.8 mm. The final position of the coil element conductors was determined empirically based on minimizing inductive coupling to neighbors.
A number of different element designs were constructed and assessed, including elements machined from FR4 circuit board material and elements fashioned from wire of various thicknesses. The dimensions of the various element designs had to satisfy one key criterion: when placed at the positions defined by the tiling pattern on the helmet, they had to overlap their neighbors by the critical amount that nulls inductive coupling. Elements constructed of half-ounce copper-clad FR4 circuit board with different track widths or made from wire each required a different inside diameter and percentage overlap to satisfy this condition. The element designs are summarized in Table 2 .
The unloaded to loaded Q ratio (Q UL /Q L ) for each element design was determined for an individual element with no cable attached using an S 12 measurement between two shielded inductive probes loosely coupled to the coil element. Loaded Q was measured with each coil element 13 mm from an 8-liter rectangular doped water phantom with 3.3685 g/liter NiCl 2 ⅐ 6H 2 O ϩ 2.4 g/liter NaCl (USA Instruments, Aurora, OH, USA). For four of the element designs Q UL /Q L was also assessed when the individual element was surrounded by the conductors of six nonresonant overlapped neighboring elements to determine the effect of copper loading from the conductors of other coil elements. Active detuning was measured for an unloaded coil element as the change in S 12 between decoupled inductive probes when bias was applied to the positiveintrinsic-negative (PIN) diode. Preamp decoupling strength was measured for an unloaded coil element as the change in S 12 between the decoupled inductive probes when the coil was matched to a 50-Ohm load or when preamp decoupling was active and the preamp was powered. Isolation between pairs of coil elements was determined from an S 12 measurement with each coil matched to 50 Ohms and attached with coax to a port of the network analyzer and all other coil elements detuned.
The final coil design incorporated wire coil elements (18-awg tinned copper wire) with an inner diameter of 50 mm for the hexagonal tile positions and 42 mm for the pentagonal tile positions. Each loop incorporated two capacitors (Fig. 2) . A tool was constructed to form the wire segments into the desired shape, with appropriate "humps" to bridge over wires from adjacent coils. A framework of copper pads was created by machining FR4 circuit board material into a shape that traced the expected tracks of the wire conductors but had all of the copper machined off except where the pads were needed. All other material was cut away, leaving a flexible matrix that could be wrapped around the helmet and secured with Nylon screws, maintaining registration to the tiling pattern previously applied to the helmet. The wire segments, tune and match capacitors, and trimmer capacitors were soldered to this framework. A detuning circuit was formed across the match capacitor using a hand-wound inductor and a PIN diode (Macom MA4P4002B-402; Macom, Lowell, MA, USA). A six-pin socket was soldered to each coil element with three pins connected in common to each side of the match capacitor. All components of the detuning circuit were constructed around the match capacitor and directly connected to the wire conductors of the coil element, to avoid the losses from routing the circuit through the socket connector that were revealed in an earlier intermediary design. Individual elements could be passively detuned during construction by pushing a wire "jumper" into the socket to effectively complete the detuning circuit. S 12 coupling between neighboring, overlapped coils was minimized by bending the wire conductors. Figure 3 shows a close-up of the array elements for both an abandoned design using circuit board elements and the final wire-based design. Preamp assemblies mounted on small circuit boards (18 mm ϫ 88 mm) were connected to the array elements though the six-pin socket. The preamp assembly board included 70 mm of semirigid coax to provide the desired phase length to provide preamp decoupling but coiled back on itself to reduce the overall length. The preamplifiers used (Siemens Healthcare, Erlangen Germany) incorporate a two-stage amplification with a common mode rejection filter between the two stages (23) . The preamp outputs were connected to the scanner with 1.18 mm mini-coax cable. The first 32 channels were connected via the standard coil plugs at the head end of the patient table, while the additional channels were connected via coax bundles run through the bore of the magnet to the additional receive electronics at the rear of the scanner room. Bias for the active detuning of the array elements was supplied from 32 PIN bias lines from the patient table plugs. Each bias line was split three ways to bias three coil elements in parallel. Resistors of 147 Ohms were placed in series with each bias line near the coil element to ensure nearly equal splitting of the 100-mA bias current between the three shared elements. The preamps also contain a bias-T for the PIN diode bias. A single bias line was connected to the bias-T on each preamp, with the RF coax ground serving as the bias current return path. The bias wires were wrapped around the RF coax to avoid creating any open loop through which significant flux could penetrate and induce current in the wire. The completed coil is shown in Fig. 4 .
Performance Measurements
For SNR comparison, proton density-weighted gradientecho images (TR/TE/flip angle ϭ 200 ms/3.92 ms/20°, slice ϭ 3 mm, matrix size ϭ 256 ϫ 256, field of view [FOV] ϭ 220 mm, bandwidth [BW] ϭ 300 Hz/pixel) were obtained in the sagittal, axial, and coronal planes in human subjects. To isolate the effect of increasing the number of elements in an array, results were compared using a 32-channel phased array constructed on an identical helmet former (2) . For comparison to widely available head coils, SNR data were also acquired with a 12-channel matrix head coil (Siemens Healthcare) with considerably larger overall dimensions (Table 1 ). The 12-channel matrix array was used in "Triple Mode" (all 12 channels recorded and used in the reconstruction) (24) . For each acquisition, raw k-space data were saved for analysis, and magnitude images reconstructed online were also saved for comparison. A noise reference measurement was obtained by recording complex-valued data during the same pulse sequence used for the image acquisition with no RF excitation. The noise covariance was calculated from the noise samples and then scaled by the noise equivalent BW to account for noise correlations caused by the filtering introduced by the data acquisition electronics and receiver (25) . Individual coil images were then reconstructed, and estimates of the coil sensitivity profiles were generated by lowpass filtering the image intensities with a two-dimensional (2D) Hanning filter (normalized for unity noise gain) with a full-width at half-maximum set to include only the central 25% of k-space. This degree of smoothing has been found appropriate for reducing the artificial increase in calculated g-factor caused by image noise, and for removing intensity variations due to anatomy when in vivo data is used.
SNR maps were calculated from the estimates of the coil sensitivity and noise covariance for both the optimal SNR and root-sum-of-squares combination (26) , then corrected on a pixel-by-pixel basis for SNR bias introduced by the magnitude detection (25, 27) . SNR was compared using color scale SNR maps and SNR profiles through the brain.
For g-factor comparison, raw k-space data were acquired in a transverse slice through the center of a 170-mm diameter spherical "Braino" phantom using a FOV tight on the phantom (TR/TE/flip angle ϭ 200 ms/3.6 ms/20°, slice ϭ 3 mm, matrix size ϭ 128 ϫ 128, FOV ϭ 175 mm, BW ϭ 300 Hz/ pixel). The phantom dielectric properties were measured with an Aglient 85070E Dielectric Probe (Agilent Technologies, Palo Alto, CA, USA) and it was found to have a conductivity of 0.97 S/m and relative permittivity of 81.31, both somewhat higher than the average values of 0.46 S/m and 63.1 for the human head at 123 MHz (28) . Sensitivity maps and noise covariance matrices were estimated as described above, and sensitivity encoding (SENSE) g-factor maps were calculated directly from its analytic expression (29) . Because errors in the sensitivity map estimation can be amplified when computing the g-factor, the calculation was mildly regularized by diagonal loading (30) with regularization parameter lambda set to 1 for all calculations. Image SNR was calculated for both the full image acquisition and the accelerated acquisition, and their ratio (normalized by the square root of the reduction factor) provided the g-factor. Prior to computing the ratio, a constant c ϭ 1 was added to both the numerator and denominator to avoid further errors resulting from small values in the denominator. The g-factor maps were plotted as the inverse g-factor, 1/g (which represents the percentage of SNR retained in a SENSE reconstruction), to allow all of the maps to be shown with the same color scale. The maximum g-factor for each acceleration was also recorded. Accelerated imaging is demonstrated with singleshot spin-echo echo planar imaging (EPI) images (1 ϫ 1 ϫ 2 mm 3 , matrix size ϭ 224 ϫ 224, TR/TE/flip ϭ 4000 ms/ 63 ms/90°, BW ϭ 1065 Hz/pixel, averages ϭ 16) with generalized autocalibrating partially parallel acquisitions (GRAPPA) acceleration factors from 3 to 7 in the anteriorposterior direction. Table 2 shows the Q ratio results for the individual coil element designs as measured for isolated single loop coils.
RESULTS
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FIG. 4. Completed coil array on
scanner patient table. Preamp assemblies are mounted radially, and are each plugged into a socket at each coil element. The first 32 channels are received through plugs via sockets in the head end of the patient table. The additional 64 channels are received via coax bundles that run through the bore of the magnet. The copper boxes at the top of the image are common mode cable traps for these coax bundles.
96-Channel Helmet Array for 3T
Q UL /Q L for coil elements machined from FR4 circuit board with 2.5-mm track width and six capacitors was only 3.0, indicating that sample noise was just barely dominating coil noise. The same element design was used in the 1.5T 90-channel coil, and thus even the increased load at 3T did not solve the problem of poor coil loading for these small elements. When the track width was increased to 5 mm, Q UL /Q L increased to 3.7, and was further increased to 5.0 by reducing the number of capacitors from six to two. While this Q ratio shows that the single isolated coil can be sample noise-dominated, there are additional loss mechanisms present in the completed array. When the twocapacitor 5-mm trace-width circuit board coil element was surrounded by the conductor segments from its six nearest neighbor coils, Q UL /Q L dropped to 3.9. Thus losses in the copper from other elements in the array present a significant additional source of noise. In addition to the losses, the resonant frequency of the circular array element was also increased by 1.3 MHz due to the presence of the surrounding copper, indicating that the losses were primarily due to the generation of eddy currents in the copper of the neighboring coils, which also screened the inductance of the element, increasing its frequency.
To reduce the cross-sectional area presented by the conductors to fields created by other coils, wire coil elements were examined. While the coil element consisting of 2.3-mm-diameter copper wire had Q UL /Q L of 5.1, the highest of all the designs (Table 2) , it was too thick to conveniently form the shapes required. It is possible that annealing the copper or using tubing would have made it more accommodating, but we decided to construct the coil elements using 18-awg (1.15 mm measured diameter) tinned copper wire, which had a Q UL /Q L of 4.1 for a single isolated element. When this wire-based element was placed into a matrix of conductor segments for six surrounding wirebased coils, Q UL /Q L only dropped to 4.0, with no measurable shift in frequency, demonstrating a significant reduction in copper losses compared to the circuit board coil element designs. Figure 3 demonstrates the reduction in copper coverage with the wire coil design. The percentage area covered with copper in the completed array for the three designs, including pads as well as coil element conductors, was 35% for the 2.5-mm track-width elements, 59% for the 5-mm track-width elements and 14% for the 18-awg wire coil elements. Examining a single active coil element within the fully-completed helmet array showed Q UL /Q L of 2.9 when using the human head as a load, separated from the coil element by 13 mm. This lower value can be attributed to loading by the additional coil element conductors, the plugs and circuit boards making up the completed array, and to the fact that the head does not load the coils as much as the phantom at the same coil to sample distance. A phantom was used for the original Q UL /Q L measurements to obtain the most consistent and repeatable comparisons between element designs.
Preamplifier Decoupling and Active Detuning
In the coil element design shown in Fig. 2 , the capacitor C m serves three functions: 1) it transforms the sample impedance seen by the coil to the impedance required at the preamp for minimum noise value; 2) it forms part of the active detuning circuit (in combination with the PIN diode and inductor); and 3) it provides preamp decoupling when the impedance of the preamp is transformed to a virtual short at the coil. Unfortunately, for these small coil elements, if the sample impedance is transformed to 50 Ohms at the preamp input, a 200-pF capacitor is required. This creates a very low Q detuning circuit and hence provides weak preamp detuning. Matching the coil to 50 Ohms at this point provided a preamplifier decoupling strength of -18 dB, allowing an unacceptable level of inductive coupling between the array elements, reducing sensitivity (31) . However, with the preamps used in the final design (23) we were able to achieve the appropriate noise match with C m equal to 82 pF, increasing the Q of the detuning circuit and strengthening the preamp decoupling to -23 dB.
Because of the design of the 96-channel coil, many of the preamps were positioned so that the main static magnetic field of the scanner was oriented perpendicular to the plane of the preamp board. We discovered that in this orientation the input phase of the preamp was changed when it was in the scanner bore, resulting in a shift of 0.7 MHz in the position of the preamp decoupling minimum. This shift was enough to reduce the preamp decoupling strength by as much as 5 dB, and was corrected by measuring the decoupling minimum with the coil in the scanner and fine tuning the capacitor on the preamp input tank circuit to compensate. No such shift was observed for preamps where the main static magnetic field lies in the plane of the preamp board. This dependence of preamp phase on orientation has also been noticed in a different manufacturer's preamp by another research group (32) .
With the 100-mA bias current split between three coils, the active PIN diode detuning (33 mA per element) was -33.5 dB. With the standard 100-mA current through a single element, active detuning only increased to -37.5 dB. The S 12 coupling between neighboring coils was minimized by distorting the wire conductors, achieving an average S 12 coupling of -17 dB, with the maximum nearest neighbor coupling equal to -12 dB. The interaction of the coil array with the body coil transmit RF field was examined by noting the scanner transmitter calibration for a large cylindrical phantom placed in the coil array, or placed in the scanner bore with no array present. The body coil RF voltage required for a 1-ms slice-selective hard pulse to create a 180°flip angle changed by Ͻ2 V, from 315 V to 317 V, indicating sufficient coil element detuning and suppression of common mode currents on the cables.
SNR and Noise Covariance Performance Comparisons
SNR maps for optimum SNR combination (26) are shown in Fig. 5 . SNR profiles taken through an axial slice just above the corpus callosum are shown in Fig. 6 , both for optimum SNR and the root-sum-of-squares combination. With the optimum SNR combination, the 96-channel coil provides 5% lower central SNR than the identically-sized 32-channel coil but achieves ϳ1.4-fold higher SNR in the extreme periphery of the brain. Both the 96-and 32-channel coils have about 1.5-fold higher central SNR than the 12-channel product coil with optimum SNR combination. The central SNR increase with respect to the 12-channel coil can likely be attributed to the fact that the dimensions of the 12-channel coil are about 30% larger than the other two coils (Table 1) . With the root-sum-of-squares combination-the algorithm that is typically employed for online image reconstruction on the scanner-the 96-channel coil shows 20% lower central SNR than the 32-channel coil, but still shows at least 1.5-fold higher SNR in the outermost parts of the brain. Both the 32-and 96-channel coils show notably high SNR at the apex, demonstrating the utility of placing surface coil elements over the entire dome of the head, despite the fact that many of these elements are oriented with their normal axis close to the z-axis. The maximum noise correlation coefficient was 0.43, 0.47, and 0.53, and the average of the off-diagonal elements was 0.127, 0.110, and 0.148 for the 12-, 32-, and 96-channel coils, respectively. Figure 7 shows the g-factor results for the three arrays for 1D acceleration in the RL direction, and for 2D acceleration (right-left [RL] and AP direction). Figure 8 summarizes the maximum g-factor for the 1D acceleration. The benefits of increased channel number for reducing g-factor are clear. For example, at acceleration rate 4, the maximum g-factor for the 96-channel coil is only 65% of that of the 
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32-channel coil. For the 2D acceleration, the maximum g-factor for 4 ϫ 4 acceleration for the 96-channel array was 43% of the 32-channel coil value. Figure 9 shows singleshot spin-echo EPI acquired with 0.9-mm in-plane resolution and acceleration factors of four-to seven-fold. Relatively artifact-free reconstruction is achieved through an acceleration factor of 6.
DISCUSSION
This study shows that a 96-channel brain array at 3T can achieve significant improvements in peripheral SNR compared to a 32-channel coil built on the same helmet. In the center of the brain, essentially the same SNR is achieved with both coils, and in the periphery of the brain, the 96 channel coil provides a 40% boost in SNR, but only when the optimum SNR combination is used. These results are in qualitative agreement with the reports of Wiesinger (19) and Wiesinger et al. (20) who modeled spherical distributions of circular coils. For the root-sum-of-squares combination the higher noise covariance present in the 96-channel coil causes the central SNR to be 20% lower compared to the 32-channel coil. Near the periphery of the brain, optimum SNR combination offers up to 40% higher SNR than the root-sum-of-squares combination. This is in contrast to the maximum boost of approximately 10% claimed by Roemer et al. (26) , but is comparable to gains reported by other authors (33) . As the number of receive elements increases, the benefits of taking noise covariance into account by using the optimum SNR combination become increasingly large. If receive arrays with very high numbers of elements become more widely used, the routine implementation of optimum SNR combination online on the scanner will be essential to realize the full potential of such arrays. Improvements to the coil design such as optimization of preamp decoupling, modifications of electric fields through capacitor placement, or gapped designs might also ease the SNR penalty for the root-sum-ofsquares combination if noise covariance could be reduced. The g-factor improvement in moving from 32 to 96 channels is significant. Thus for accelerated imaging the result- ing SNR is higher with the 96-channel coil than the 32-channel coil, particularly for high acceleration rates, due to the much lower noise amplification. The simulations of Refs. 19 and 20 predict a 21% reduction in g-factor in moving from 32 to 64 channels for acceleration rate 3.6. Our data show a 31% decrease in maximum g-factor in moving from 32 to 96 channels for acceleration rate 4, which is qualitatively in line with the simulations given the higher channel number and acceleration rate in our experimental data.
As the number of coil elements used to cover a given volume increases, the individual element size necessarily decreases. Ultimately, for very high numbers of coils the element size becomes too small and sample noise dominance no longer applies, resulting in a decrease in SNR compared to arrays with fewer elements. At 3T the 50-mm inner diameter coil elements in our 96-channel coil are already on the edge of sample noise dominance, even for a close-fitting helmet and after optimization of the element design. This suggests that similar open-faced head coil designs with higher numbers of coil elements are unlikely to provide SNR benefits for unaccelerated imaging at this field strength without a significant design alteration, such as cooling the conductors or using multiturn coil elements whose higher B 1 efficiency couples them more strongly to the sample. At higher field strengths the increased sample losses may make head coils with even higher numbers of channels advantageous, as long as the considerable engineering challenges of controlling common mode cable currents at higher frequency can be met.
Decreasing the element size also requires attention to the match and active detuning circuitry, as well as the effectiveness of preamp decoupling, since designs that perform well for larger coils can become problematic for small coils. In particular, the use of a simple capacitive match with a PIN diode detuning trap built around the match capacitor becomes problematic for small coil elements for which the match capacitor required becomes larger and larger, reducing the Q of the detuning trap and weakening the preamp decoupling effect. Although optimum SNR combination can recover some of the SNR lost to coupling, some SNR is nevertheless lost due to residual inductive coupling in the presence of preamp decoupling (31) , and for coil elements that are not body noise-dominated (34) . This problem could also be addressed through alternative, but somewhat more complex, matching and detuning circuit schemes (35) .
For small coil elements with marginal Q UL /Q L , the influence of loss mechanisms external to the body becomes increasingly significant. Reducing the number of capacitors in each element from six to two increased the unloaded Q almost 1.5-fold, demonstrating that distributed capacitance is not always beneficial. We also found that copper losses due to the presence of the conductors making up the other elements in the array had a significant negative impact on the SNR of the array. Reducing the area presented by the conductors by using wire instead of circuit board significantly improved the performance of this array. Using wire instead of copper tape or circuit board will not always be advantageous, but it provided a benefit with this design because of the poor Q UL /Q L of the individual elements and the high percentage of copper coverage in the circuit board coil element design. We found the wire design also had several other advantages. Since the bridges over the conductors of neighboring coils were formed by simply bending the wire rather than having to solder in a bridge made of copper tape or wire, we minimized the number of solder joints, each of which contributes to losses and potential failure points in the coil. The wire elements also exhibited significantly reduced capacitive coupling between elements, which could clearly be seen when the coil overlap was adjusted to minimize S 21 . With circuit board elements the minimum coupling that could be achieved was often only about -11 dB, whereas with wire elements coupling could generally be reduced to -15 dB or better for all neighboring coils. Because of the close proximity of the antenna structure to the sample, minor susceptibility effects could be seen in the vicinity of the trap circuit in phantom images, but are not readily apparent in vivo.
It should also be noted that increasing the number of array channels places an increased computational burden on the image reconstruction computer. This can increase reconstruction times substantially, especially for accelerated imaging. For unaccelerated imaging, root sum of squares reconstruction time increases linearly with the number of channels. Optimum SNR reconstruction does not necessarily incur a significantly greater penalty in reconstruction time, since only simple matrix inversions and multiplications are required. It is necessary, however, to measure and calculate the noise covariance matrix and the coil sensitivity maps for optimum SNR reconstruction, though these may in principle be performed once per scan session. These problems will be reduced as faster comput- 
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ers become available. Furthermore, the use of 64-bit architectures has proven advantageous for raw data sizes that exceed the address space of 32-bit processors.
CONCLUSIONS
A 3T 96-channel close-fitting helmet phased-array coil has been constructed and tested in human brain imaging. This coil provided significant SNR improvements in the brain cortex and for accelerated imaging compared to an identically-sized 32-channel array. Although the array sensitivity is highest in the cortex, the sensitivity is not significantly lowered anywhere in the brain compared to the 32-channel array when an optimized image reconstruction is used. Significant improvements in parallel imaging performance were also obtained, including reduced g-factors for x and y accelerations.
